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Abstract—Objective: This work aims to reduce the acoustic 
noise level of transcranial magnetic stimulation (TMS) coils. TMS 
requires high currents (several thousand amperes) to be pulsed 
through the coil, which generates a loud acoustic impulse whose 
peak sound pressure level (SPL) can exceed 130 dB(Z). This sound 
poses a risk to hearing and elicits unwanted neural activation of 
auditory brain circuits. Methods: We propose a new double-
containment coil with enhanced winding mounting (DCC), which 
utilizes acoustic impedance mismatch to contain and dissipate the 
impulsive sound within an air-tight outer casing. The coil winding 
is potted in a rigid block, which is mounted to the outer casing by 
its acoustic nodes that are subject to minimum vibration during 
the pulse. The rest of the winding block is isolated from the casing 
by an air gap, and sound is absorbed by foam within the casing. 
The casing thickness under the winding center is minimized to 
maximize the coil electric field output. Results: Compared to 
commercial figure-of-eight TMS coils, the DCC prototype has 10–
33 dB(Z) lower SPL at matched stimulation strength, whilst 
providing 22% higher maximum stimulation strength than 
equally focal commercial coils. Conclusion: The DCC design 
greatly reduces the acoustic noise of TMS while increasing the 
achievable stimulation strength. Significance: The acoustic noise 
reduction from our coil design is comparable to that provided by 
typical hearing protection devices. This coil design approach can 
enhance hearing safety and reduce auditory co-activations in the 
brain and other detrimental effects of TMS sound. 
 
Index Terms—Transcranial magnetic stimulation, TMS, coil 
design, acoustic noise, optimization 
 
I. INTRODUCTION 
RANSCRANIAL magnetic stimulation (TMS) is a 
noninvasive method for brain stimulation, with both 
clinical and research applications. In TMS, an electromagnet 
coil placed on the subject’s scalp is pulsed to create a rapidly 
changing magnetic field (B-field) which induces an electric 
field (E-field) in the vicinity of the coil. A typical biphasic TMS 
pulse lasts only about 300 µs, but must produce peak magnetic 
field on the order of 1 T, which requires a coil current over 
1,000 A. The high current and magnetic field produce a 
mechanical vibration of the coil, which manifests itself in a 
loud, impulsive sound with peak sound pressure levels (SPL) 
close to 140 dB(Z) [1]. For pulse trains during repetitive TMS 
(rTMS), the continuous sound level (SL) can exceed 110 dB(A) 
[1]. 
The coil sound is a significant limitation of TMS. It poses a 
risk to hearing [1]–[4] and, with missing or inadequate hearing 
protection, can cause permanent hearing damage [5]. For some 
rTMS protocols and devices, the sound level may be high 
enough to indicate hearing protection for device operators near 
the TMS coil as well [1]. Further, loud sounds can contribute to 
headaches [6], [7], which are a common adverse side effect of 
TMS [2]. Loud sounds may also be disturbing to subjects with 
autism spectrum disorder [8], [9] or post-traumatic stress 
disorder [10]. Generally, the impulsive noise from TMS devices 
propagates beyond the room where the device is operated and 
can therefore be disruptive in clinical or research settings. 
Moreover, the pulse sound reduces the effective focality of 
TMS since auditory pathways are activated synchronously with 
the electromagnetic stimulation of the targeted cortical region. 
These parallel activation paths are hard or even impossible to 
separate, for example, in neuroimaging data [11], [12]. Finally, 
during rTMS, the acoustic stimulation may cause unwanted 
neuromodulation [13], [14]. 
There are several adopted or proposed approaches to mitigate 
the effects of the TMS sound. Adequate hearing protection 
during TMS can be obtained with either earmuffs (typical 
attenuation 20–30 dB for relevant frequencies, i.e., above 1 kHz 
[15]) or correctly worn earplugs (typical attenuation 20–25 dB 
for the same frequencies [15]). Indeed, correctly applied 
earplugs appear to ensure hearing safety in TMS [2], [4], [16], 
[17]. Teaching proper insertion technique to subjects helps [18], 
but a consistently good fit of earplugs can be challenging to 
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obtain for all subjects [18]–[21]. Indeed, potential permanent 
hearing damage from TMS was observed, likely due to 
incorrectly applied ear plugs [5]. Beyond hearing protection 
devices, the perceived sound can be reduced by inserting a layer 
of foam between the coil and the scalp to decrease bone-
conduction of the sound [11], [22]. However, this added 
distance between the winding and the brain reduces both the 
energy efficiency and attainable stimulation focality—if the 
coil windings are not optimized for the extra spacing, the 
efficiency loss is about 10% per mm [23]. The windings of 
typical commercial coils are 2–5 mm from the surface, but 
MRI-specific TMS coils may have up to 10 mm of extra sound-
absorbing acoustic foam, which reduces the maximum output 
even when the coil windings are made larger for less focal 
stimulation [1], [24]. 
In principle, the sound intensity reaching the cochlea could 
also be reduced with active noise cancellation (ANC) 
technology. Conventional real-time ANC solutions, however, 
are typically limited to steady-state sounds and lower 
frequencies, providing attenuation only for frequencies below 
1 kHz, even with in-ear headphones and for sound intensities 
much lower than TMS [25], [26]. The TMS coil click has peak 
SPL that would require extremely powerful headphones, and 
contains mostly frequencies that are too high for ANC. A TMS-
specific offline ANC solution could theoretically solve the 
problem with high frequencies, but even in simulations, the 
attenuation for frequencies above 1 kHz was rendered close to 
zero with a small change in the coil orientation [27]. An ANC 
solution would also not reduce the bone-conducted sound. 
Importantly, none of the approaches described so far is 
sufficient to prevent auditory brain activation. Consequently, 
noise played through earphones, e.g. fixed 90 dB(A) or 
individually leveled white noise, is sometimes used to mask the 
TMS sound [28], [29]. By practically raising the hearing 
threshold, such noise masking can reduce unwanted TMS-
synchronized auditory activation. However, the loud masking 
sound itself may disturb noise-sensitive subjects and patients; 
hinder verbal communication, auditory tasks, or psychotherapy 
during the TMS session; reduce cognitive performance [30]; 
and require noise dosimetry to ensure adhering to hearing safety 
limits [31], [32]. 
Considering the adverse impact of the loud TMS sound and 
the limitations of mitigation approaches, it is compelling to 
develop TMS devices with lower acoustic emission. This 
approach is further supported by the conventional hierarchy of 
hazard controls, in which personal protective equipment is 
considered the least effective, last-resort solution [33]. We have 
proposed a two-pronged approach to quiet TMS, involving 
improved electromechanical coil design and briefer pulses [34], 
[35]. In the present work we focus on the first part of this 
approach and demonstrate a TMS coil design with high 
electromagnetic output but substantially reduced acoustic 
emission for conventional TMS pulse waveforms. 
II. MATERIALS AND METHODS 
A. Coil structure 
The proposed coil design is diagramed in Fig. 1. The design 
has a double-containment structure, in which a potted optimized 
winding is contained within an independent outer casing, 
separated from the head-facing side of the winding block by a 
1.6 mm air gap. Further, to minimize the distance to the 
windings while retaining structural rigidity, the head-facing 
side of the outer casing (lid) incorporates at its center a 120 mm 
diameter circular recession tapering down to a 75 mm diameter 
flat section with a thickness of only 1.5 mm. To minimize the 
sound transmission via the mounting points for the winding 
block, their locations were optimized to coincide with nodal 
points of minimum in-plane vibration of the winding block, 
determined from an electromechanical simulation. The 
mounting points are equipped with commercial styrene-
butadiene rubber grommets to reduce further the transmission 
of mechanical vibrations to the coil lid.  
For our prototype, the lid was 3d printed with selective laser 
sintering from a 30% glass-filled nylon 12 (Xometry, USA), 
whereas the rest of the outer casing was built around a 
prefabricated acrylic box (Fig. 2, right). The two parts were 
connected by bolts, and the interface was sealed with a custom 
laser-cut butyl rubber gasket. The coil windings of the 
prototype were wound from a 4.67 mm × 2.69 mm rectangular 
litz wire (120 strands of 0.2 mm enameled copper wire, total 
copper cross section of 3.84 mm2) with a 0.38 mm fluorinated 
ethylene propylene jacket (New England Wire, USA). The 
winding block was constructed by potting the wire windings 
with corundum-filled high-strength lamination epoxy (Fibre 
Glast, USA) (Fig. 2, middle). The potting mold was 3d-printed 
from nylon 12 (Xometry, USA), and had a minimum wall 
thickness of 0.7 mm and minimum potting thickness of 0.8 mm 
(Fig. 2, left). Consequently, the coil windings were 1.5 mm 
above the bottom of the winding block, and the total distance 
between the center of the coil windings and the coil surface was 
6.9 mm, which is comparable with commercial TMS coils [34]. 
Fig. 1. The double-containment coil comprises a winding block (A), 
which is essentially a fully-fledged TMS coil, and an outer casing (B) 
with a lid with a central recession to reduce the winding-to-head 
distance (C). The winding block is mounted flexibly to the outer casing 
with rubber grommets (D) and nylon bolts (E) at the points of minimal 
in-plane vibration. The outer casing walls not facing the head are 
further covered with thin acoustic foam panels (F) to reduce 
reverberation. 
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The winding was connected to a commercial TMS device 
(MagPro X100 incl. MagOption, MagVenture, Denmark) with 
a 3 m low-inductance TMS-coil cable (Magstim, UK) and a 
customized orange-type SBE 160 power connector (Anderson 
Power Products / Ideal Industries, USA). The cable exit from 
the outer casing was sealed with an air-tight cord grip, which 
was separated from the rest of the outer casing with a butyl 
rubber gasket. 
B. Coil winding optimization 
The optimization problem for the energy efficiency of TMS 
coil windings is a convex optimization problem [36]. Such 
problems have a somewhat shallow energy landscape around 
the optimum. Thus, minor sacrifices in efficiency can lend 
improved buildability and desired electrical properties such as 
higher inductance for a given number of turns with lower coil 
current requirements. We solved this problem with TMS-coil 
optimization routines further developed from our prior work 
[23]. Specifically, we added two new types of constraints: a 
constraint for the magnitude of coil current density and for the 
maximum dI/dt for the desired electric field (E-field) in the 
cortex. The former is a constraint for a norm, solved similarly 
to the previous E-field norm constraints [23] and satisfied to a 
tolerance of 0.001. The updated optimization routines were 
implemented with MATLAB (Global Optimization Toolkit, 
Version R2018a, Mathworks, USA). 
C. Acoustic simulations 
For acoustic simulation of the coil winding block, we built 
two models. First, a simple 2d model for the in-plane vibrations 
was used to tune the optimization constraints for the coil 
windings. Second, a detailed 3d model was created to estimate 
the required thickness for the windings block. The latter model 
was further validated post-hoc against the acoustic 
measurements. For the models, the material parameters for the 
corundum-filled epoxy were estimated with the S-combining 
rule [37]. Both models were solved with COMSOL 
Multiphysics (Version 5.3a, COMSOL, USA). 
D. Electrical simulations 
A specific TMS coil design has three key electrical 
parameters: the inductance and resistance of the windings as 
well as the coupling coefficient to the brain, defined as the ratio 
between the strength of the E-field induced in the cortex and the 
rate of change of the coil current. We computed the coupling 
coefficient for a 85 mm spherical head model [38] with the 
triangle construction [24], [39] implemented in Mathematica 
(Version 12.0.0.0, Wolfram Research, USA). The coil 
inductance and resistance were computed with multipole-
accelerated inductance extraction [40] (FastHenry2, Software 
Bundle 5.2.0, FastFieldSolvers, Italy), and the power cable 
contribution was modelled with COMSOL. 
E. Acoustic and electrical measurements 
The acoustic and electrical measurements of the coil were 
carried out similarly to our previous work characterizing 
commercial TMS coils [1] with a few minor differences. 
Notably, we omitted the use of a soundproof chamber and 
measured the sound in a regular TMS treatment room, since we 
focused on near- and supra-threshold pulses which produce 
sound significantly above the ambient noise level. 
Briefly, for acoustic measurements, an omnidirectional flat-
frequency-response pressure microphone (M50, Earthworks 
Audio, USA) was placed 25 cm below the center of the head-
facing side of the coil. The microphone output was fed to a 
wide-input-signal-range preamplifier (RNP8380, FMR Audio, 
USA) and then an audio interface with a sample rate of 192 kHz 
(U-Phoria UMC404HD, Behringer, Germany). The 
measurement system was calibrated with a 1 kHz, 1 Pa 
reference sound pressure source (407722, Extech Instruments, 
USA). We recorded the sound from single TMS pulses at 10% 
to 100% of maximum stimulator output (MSO) in 10% MSO 
increments. The continuous sound of rTMS was synthesized 
from these pulses. To extract the SPL and SL, the audio was 
processed with MATLAB Audio Toolbox. We used the 
electromagnetic artefact removal algorithm as well as low- and 
high-pass filters described in our previous study [1]. 
Fig. 2. The double-containment coil prototype is implemented with energy-optimized litz-wire windings in a 3d-printed sintered nylon mold 
(left), potted in place with corundum-filled epoxy (middle), and contained in an outer casing constructed from acrylic plastic and glass-filled 
nylon (right). The scale bar in each pane is 100 mm long. 
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The measurement distance, 25 cm, was chosen to avoid 
inadequate sampling of the sound in the near field and allow 
filtering out the electromagnetic artefact from the stimulation 
[1]. As the sound of TMS attenuates inversely with distance for 
distances down to about 5 cm [41], the SPL and SL at the 
approximate location of the subject’s ears, 5 cm from the coil, 
can be estimated by adding 14 dB to these results [1]. 
The induced E-field was measured with a printed-circuit-
board-based triangular probe [1] connected to an oscilloscope 
(DS1052E, Rigol, China) with a sampling rate of 250 MHz. To 
estimate the effective neural stimulation strength, the recorded 
waveform was fed into a strength–duration model [42], [43] 
with a time constant of 200 µs. Additionally, we recorded the 
maximum rate of change for the coil current from the sensor 
built into the TMS device. The stimulation strength was 
calibrated to the average measured resting motor threshold 
(RMT) of normal subjects extracted from the literature [1].  
Fig. 3. Measured sound spectra and simulated mechanical vibration modes of the prototype double-containment coil (DCC). Top: The six lowest 
vibration modes of the winding block linked to the respective spectral frequencies. The whiskers denote the model uncertainty arising from 
uncertainty in the material parameters and winding block thickness. Second row: The 1/24-octave sound level of the complete coil and its 
winding block at 167% average resting motor threshold (RMT). Third row: The attenuation provided by the outer casing obtained by subtracting 
the winding block spectrum from the complete coil spectrum. The attenuation spectrum at frequencies below 500 Hz and above 25 kHz could 
not be measured reliably and is therefore grayed out. Bottom: The seven lowest vibration modes of the outer casing lid. The whiskers denote the 
model uncertainty arising from uncertainty in the stiffness of the coupling to winding block and the thickness of the lid recession. 
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III. RESULTS 
A. Coil windings and construction 
The acoustic simulations of the in-plane vibrations of the 
windings gave up to four nodal points of greatly reduced 
mechanical vibrations. The locations of these points depend 
mostly on the coil size, and to lesser extent on Poisson’s ratio 
of the potting material. For epoxy-like materials (Poisson’s 
ratio about 0.3), four nodal points were identified in the corners 
of a 180 mm × 130 mm winding block. To move these points 
away from the corners and place them along the nodal line for 
the lowest resonant mode of the winding block, we chose to 
implement a slightly larger, 225 mm × 145 mm winding block. 
To obtain adequate stiffness and sufficiently high resonant 
frequencies for the out-of-plane vibration modes, the out-of-
plane vibration model suggested winding block thickness of at 
least 40 mm; therefore, we chose a thickness of 45 mm. We 
designed the winding to match the E-field focality of a Magstim 
70mm Double Coil in the 85 mm spherical head model. The 
resulting windings are shown in Fig. 2 (left). 
For the potting material, we chose an epoxy-to-corundum 
mass mixing ratio of 1:2 (35.8% corundum by volume), which 
was the highest fill ratio with adequate fluidity for an easy pour. 
This resulted in a suboptimal structure of the winding block, as 
the filler sedimented before the mixture cured. The realized 
thickness of the potting was 43.3 mm (Fig. 2, middle). The 
resulting winding block has an apparent line that separates the 
bottom with corundum-filled epoxy (31.5 mm) from the top 
with essentially neat epoxy (11.8 mm). Assuming negligible 
amount of filler in the top layer, the resulting post-
sedimentation fill factor for the bottom layer is about 52.0% by 
volume, which is close to the maximum mixing ratio obtained 
during earlier prototyping (1:4 mass ratio, 52.7% corundum by 
volume). 
B. Electrical properties 
The simulated coil inductance and resistance were, 
respectively, 11.0 µH (10.8 µH for the coil windings and 
0.15 µH for the power cable) and 25.7 mΩ (20.2 mΩ for the 
windings and 5.3 mΩ for the cable). These values matched very 
well the respective measurements of 11.5 µH and 27.0 mΩ at 
10 kHz, acquired with B&K Precision Model 889A Bench 
LCR/ESR Meter (B&K Precision Corporation, USA). The 
unaccounted inductance and resistance likely stem from 
parasitic inductance and resistance associated with the 
connections between the winding, coil cable, TMS device, and 
measurement probe. 
The simulated coupling coefficient to cortex was 
1.46 (V/m)/(A/µs) for the entire coil, and 1.65 (V/m)/(A/µs) for 
the exposed coil winding block. When connected to the MagPro 
TMS device, the pulse duration for biphasic TMS pulses was 
299 µs, which was close to conventional MagVenture coils. 
The measured coupling coefficients were 1.44 (V/m)/(A/µs) for 
the coil, and 1.60 (V/m)/(A/µs) for the exposed winding block, 
agreeing well with the simulations. Thus, the outer casing 
reduced the E-field magnitude and the associated stimulation 
strength by 10%. Consequently, the stimulation strength at 
100% MSO was 263% and 293% of average RMT for the entire 
coil and the exposed winding block, respectively. 
C. Acoustic properties 
The SL of the ambient noise in our TMS treatment room was 
45 dB(A), and the peak SPL in the 0.2 s measurement window 
was 71 dB(Z), both about 25 dB above the ambient noise in our 
earlier measurements inside a soundproof chamber [1]. Given 
the reduction of SL and SPL for the DCC compared to 
commercial TMS coils, the ambient noise prevented measuring 
the sound from subthreshold pulses, but was low enough to 
have negligible effect on the sound recordings from near- and 
supra-threshold pulses. In addition to the elevated noise 
background, we further identified a few narrowband ultrasonic 
sound sources, at 25.0, 45.1, and 51.5 kHz, likely from presence 
sensors for the room lighting and air conditioning. The 
strongest of these three sources was at 25.0 kHz and had 1/3-
octave sound level of 35 dB. Given their intensities, these too 
had negligible effect on the SL and SPL for suprathreshold 
TMS (see Fig. 3).  
As the coil sound scales similarly to other air-core TMS coils, 
we report numbers only for a stimulation strength of 120% 
RMT for a subject with a top 5 percentile RMT, i.e., about 
167% of average RMT [1]. For rTMS, we used the highest 
repetition rate sustained for several seconds in clinical 
treatments, 20 Hz [44], [45]. These numbers can be scaled to 
other stimulation strengths and repetition rates as described in 
[1]. 
For the coil winding block, the peak SPL at 167% RMT was 
108 dB(Z). With the outer casing, the peak SPL was reduced by 
20 dB(Z) to 88 dB(Z) (see Fig. 4). With C-weighting, which 
filters out higher frequencies, the peak SPLs were 105 dB(C) 
and 87 dB(C), respectively. The peak SPL was 10 dB(Z) lower 
than the quietest coil in our database [1], which is a commercial 
MRI-compatible coil (MagVenture MRi-B91); 16 dB(Z) lower 
than the quietest conventional TMS coil; 23 dB(Z) lower than 
Fig. 4. Sound pressure waveforms from the double-containment coil 
prototype (DCC). The start of the TMS pulses is at –0.73 ms to 
compensate for the sound propagation delay in the air. The exposed 
winding block (108 dB(Z) peak) is compared to the complete coil with 
outer casing (88 dB(Z) peak). Both configurations are measured for 
stimulation strength of 167% RMT; thus, the complete coil had 11% 
higher current to compensate for the thickness of the casing. 
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the only coil with a comparable maximum stimulation strength, 
which has an angled winding topology; and 33 dB(Z) lower 
than the loudest coil (Fig. 5, top). The reductions in C-weighted 
sound were similar. 
The continuous SL of a 20 Hz rTMS train, for the coil 
winding block, was 83 dB(A). With the outer casing this level 
was reduced by 14 dB(A) to 69 dB(A). This was 7 dB(A) lower 
than the commercial MRI-compatible coil, 11 dB(A) lower than 
the best conventional coil, 16 dB(A) lower than the only coil 
with comparable maximum stimulation strength, and 26 dB(A) 
lower than the loudest coil (Fig. 5, bottom).  
The 1/24-octave sound spectrums (Fig. 3, second row) 
indicate that the winding block emits most of its sound around 
7 kHz, i.e., at twice the TMS pulse frequency of 3.35 kHz. This 
is expected for normal TMS coils, as the mechanical vibrations 
are driven by the Lorentz forces which are proportional to the 
squared coil current, and hence have their spectral power peak 
at double the current frequency. In addition, there is a visible 
harmonic around 14 kHz and two visible subharmonics near 
3.5 kHz and 1.6 kHz (corresponding closely to the lowest two 
sets of vibration modes for the windings block, illustrated in 
Fig. 3, top). With the outer casing, a new resonant peak is 
formed around 0.8 kHz, the peak at 1.6 kHz is amplified, the 
remaining peaks at 3.5, 7, and 14 kHz are attenuated, and there 
is minimal amount of near-ultrasound content. The peaks at 31 
and 38 kHz likely originate from the power electronics within 
the TMS device. Thus, the outer casing of the coil acts as an 
acoustic low-pass filter, which provides about 30 dB 
attenuation for frequencies above 8 kHz, whilst amplifying 
sound around some of the lowest vibration modes (Fig. 3, 
bottom). The amplification at 1.6 kHz is likely due to the 
coupled oscillations between the modes for the lid and its thin 
window. 
IV. DISCUSSION 
We presented a new coil design to reduce the sound of TMS. 
This double-containment coil design (DCC) maximized the 
mismatch in acoustic impedance in the path between the 
winding and the casing [34] without increasing significantly the 
thickness of the acoustic containment structure. This is in 
contrast to previously suggested TMS sound containments 
utilizing medium to high vacuum of below 1 Pa [46]. The 
proposed sound containment provides superior acoustic 
insulation compared to a layer of acoustic foam that is 
approximately twice as thick in commercial MRI-compatible 
TMS coils, which are relatively quiet but have reduced 
maximum stimulation strength. Our coil prototype further 
utilized windings that were optimized for maximal energy 
efficiency despite the additional thickness of the casing. This 
resulted in a coil that, with the same TMS device, has both 
higher maximum stimulation strength and lower acoustic 
emissions than any conventional flat figure-8 coil we tested. 
The DCC was designed to be compatible with ultra-brief 
TMS pulses, where the total duration of the biphasic pulse will 
be reduced by an order of magnitude, from 300 µs down to 
about 30 µs [35]. These pulses are expected to require 
comparable peak currents, which necessitates next-generation 
TMS devices with operating voltages in excess of 10 kV [35]. 
Such ultra-brief pulses are expected to further reduce the sound 
level by both pushing the spectral peak at two times the pulse 
current frequency outside the human hearing range and 
reducing the energy in the excited subharmonics by a factor of 
10. Given that the DCC containment provides better attenuation 
at higher frequencies, these two combined may further reduce 
both SPL and SL by more than 20 dB for a truly quiet TMS 
device. Even without these future developments, the present 
coil prototype provides superior performance to existing TMS 
coils with the conventional pulse waveforms used in this work. 
Notably, the DCC prototype has 20 Hz rTMS sound level 
reaching the subject that is below the lowest standard hearing 
safety limit (85 dB(A) for more than 1 s [32]). 
The prototype DCC has some design and construction 
limitations that could be addressed in the future to improve 
performance further. For example, we chose to use jacketed litz 
wire for our windings to ensure compatibility with the higher 
operating voltages required for suprathreshold ultra-brief pulses 
[35]. For conventional TMS pulses, which do not use such 
higher voltages and current frequencies, the space taken by the 
flexible jacket material can be replaced with either more potting 
compound or copper, and the litz wire may be replaced with 
solid rectangular magnet wire, both of which increase stiffness 
and thus reduce the emitted sound. Similarly, the winding block 
has four additional holes near its center (Fig. 2, left) which our 
earlier outer-casing prototypes used for support rods for the lid. 
These holes impose an additional design constraint for the 
windings, reducing the efficiency by about 3%. As these holes 
Fig. 5. Measured sound levels of various coils at a matched stimulation 
strength as a function of the maximum stimulation strength obtained at 
maximum stimulator output. Top: peak SPL at 167% average RMT at 
5 cm from coil. Bottom: SL of 20 Hz rTMS at 167% average RMT at 
5 cm from coil. Apart from the DCC measurements, the commercial 
coil data are reproduced from our prior work [1]. 
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are not needed in the present design, omitting them would 
increase the maximum stimulation strength, and consequently 
slightly decrease the sound at matched output. Further, in the 
prototype, the filler material in our potting compound 
sedimented on the bottom, leaving the top essentially devoid of 
the filler material (Fig. 2, middle). Compared to an ideal 
potting, this reduced the stiffness of the top part of the winding 
block, making the winding block louder. Finally, the outer 
containment of the prototype is both larger and sturdier than 
necessary as it was built from a readily available prefabricated 
acrylic box. The dimensions of the outer casing can be reduced, 
and its walls could be made lighter with no adverse effect on 
the sound. In addition, a better coil could be built by replacing 
some of the simple materials used in the prototype with more 
advanced materials, like constructing the lid from a fiberglass-
reinforced plastic instead of glass-filled plastic, or milling parts 
of the winding block from either fiberglass or machinable 
ceramics, which are 2 to 7 times stiffer than the corundum-filled 
epoxy. 
Finally, some aspects of the DCC prototype were designed 
based on qualitative considerations and approximations, rather 
than measured properties of the complete prototype. For 
example, we chose to implement the thinnest practical 
combination of air gap and lid (3.1 mm), as it best highlights 
the design concept and gives us largest possible headroom in 
stimulation strength with ultra-brief TMS pulses whose 
stimulation efficiency is presently unknown [35]. Should this 
headroom not be needed, the sound attenuation by the outer 
casing can be improved by increasing either the width of the 
airgap (which reduces the duration of the sound reverberation 
inside the outer containment) or the thickness of the window in 
the lid (which further reduces the sound transmission). The 
optimum ratio between the two depends on both the lid material 
and the desired total thickness. 
V. CONCLUSION 
The proposed DCC coil design substantially reduces the 
instantaneous peak sound pressure level and the continuous 
sound level during TMS, while providing stronger maximum 
stimulation output. This can mitigate problems associated with 
the TMS coil sound. 
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